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Abstract: In this study, a Q-switch pumped supercontinuum laser (QS-SCL) is used as a light
source for in vivo imaging via ultrahigh-resolution optical coherence tomography and angiography
(UHR-OCT/OCTA). For this purpose, an OCT system based on a spectral-domain detection
scheme is constructed, and a spectrometer with a spectral range of 635− 875 nm is designed. The
effective full-width at half maximum of spectrum covers 150 nm, and the corresponding axial
and transverse resolutions are 2 and 10 µm in air, respectively. The relative intensity noise of the
QS-SCL and mode-locked SCL is quantitatively compared. Furthermore, a special processing
algorithm is developed to eliminate the intrinsic noise of QS-SCL. This work demonstrates that
QS-SCLs can effectively reduce the cost and size of UHR-OCT/OCTA instruments, making
clinical applications feasible.

© 2019 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

Optical coherence tomography (OCT) allows acquiring cross-sectional images of biological
tissues without the use of fluorescence dyes and contrast agents [1,2]. Based on the interference
spectrum generated by the light backscattered from the tissue and that reflected from the reference
arm of an interferometer, the depth-resolved biological microstructure can be obtained by
conducting the Fourier transform of the interference spectrum known as Fourier-domain OCT
(FD-OCT) [3,4]. In contrast to other imaging techniques such as fluorescence microscopy [5]
and confocal microscopy [6], OCT utilizes a low-coherence light source without depth scanning
to acquire three-dimensional micromorphology of a biological sample. A light source with a
broader spectral range could be more suitable for OCT applications because the axial resolution
of OCT depends on its center wavelength and bandwidth [7]. Thus, both a coherent light
source with a shorter center wavelength and a light source with a broadband spectrum can
achieve a higher axial resolution. Moreover, the use of ultrahigh-resolution OCT (UHR-OCT)
based on an ultra-broadband light source has been considered for cellular-level imaging [8].
The application of UHR-OCT for retinal imaging typically results in aberrations caused by the
specific arrangement and imperfect curvatures of the cornea and lens. Additionally, diffraction
represents a significant problem due to the limited pupil size, which, however, can be alleviated
by pupil dilation. Thus, to optimize the OCT resolution and improve the imaging quality,
aberrations should be removed [9,10]. Fernández et al. combined adaptive optics with UHR-OCT
for imaging foveal cone photoreceptors to examine a larger number of retina features than
those observed by conventional UHR-OCT systems [11]. Different types of light sources were

#371760 https://doi.org/10.1364/BOE.10.005687
Journal © 2019 Received 5 Jul 2019; revised 6 Oct 2019; accepted 7 Oct 2019; published 11 Oct 2019

https://orcid.org/0000-0002-5085-822X
https://doi.org/10.1364/OA_License_v1
https://crossmark.crossref.org/dialog/?doi=10.1364/BOE.10.005687&amp;domain=pdf&amp;date_stamp=2019-10-11


Research Article Vol. 10, No. 11 / 1 November 2019 / Biomedical Optics Express 5688

proposed for UHR-OCT systems, including multiple superluminescent diodes (SLDs) [12,13],
mode-locked lasers (MLs) [14,15], and supercontinuum lasers (SCLs) [16,17]. A combination
of multiple SLDs with different spectral regimes can broaden the effective spectrum range;
however, the output power of the resulting light source remains limited. The results of previous
studies demonstrated that MLs exhibited broadband spectra with ultrahigh axial resolutions.
Werkmeister et al. also demonstrated an UHR-OCT system based on a broadband Ti: Sapphire
laser with a center wavelength of 800 nm for in vivo imaging of human cornea. Attributed to
a broad FWHM of 170 nm, the theoretical axial resolution can reach 1.2 µm which could be
potentially implemented for investigating physiology and pathophysiology of human cornea
[18]. Furthermore, when a highly nonlinear fiber was pumped by a femtosecond laser such as
a Ti:sapphire or Cr:forsterite, its spectral bandwidth could be significantly improved [19,20].
However, such solid-state lasers are expensive and bulky, which makes their use in clinical
applications very difficult. Alternatively, pumping highly nonlinear fibers with a femtosecond
fiber laser can reduce the laser size and facilitates its integration with the fiber-based OCT
systems.

Recently, multiple research groups have proposed to use the ML-pumped SCL (ML-SCL) for
UHR-OCT [21] and visible-light OCT (vis-OCT) [22] applications. Because the spectral range
of ML-SCL typically spans from 400 to 2400 nm, the 800-nm and 1310-nm spectral components
were individually utilized for the development of UHR-OCT systems in a previous study [23]. In
contrast to the UHR-OCT systems in the near-infrared range, vis-OCT became an alternative
solution to provide an ultrahigh axial resolution by utilization of the visible spectral range
[24,25]. Due to the advantage of the specific absorption property in the visible range resulting
from hemoglobin, vis-OCT can be used to determine hemoglobin oxygenation and to visualize
microcirculation of the retina. In the previous reports, ML-SCLs were commonly implemented
for vis-OCT by extracting the visible range for imaging [26,27]. However, due to the shorter
wavelength used for imaging, the penetration depth of the vis-OCT system is much shallower
than the OCT systems in the near-infrared range. Additionally, the permissible exposure power
is lower in comparison to conventional OCT systems, making the imaging sensitivity poorer.
Furthermore, ML-SCL has been also implemented in OCT angiography (OCTA) based on
Doppler effect, decorrelation, spectral contrast, and optical microangiography (OMAG) [28–31].
In contrast, a Q-switch pumped SCL (QS-SCL) is difficult to realize in OCT due to the high
level of its intrinsic noise. Although ML-SCLs have been widely used as the light source of
UHR-OCT, the cost of a commercial ML-SCL system is approximately 8 times higher and its
volume is approximately 6 times larger than the corresponding QS-SCL parameters. Therefore,
QS-SCL could be an economic and compact solution for UHR-OCT. Maria et al. reported a
1.3-µm QS-SCL-based UHR-OCT system and showed that the relative intensity noise (RIN) was
the main noise source, which degraded its signal–to-noise ratio (SNR) [32]. However, the noise
level of QS-SCLs is relatively high, and its output power is much lower than that of ML-SCLs.
Therefore, the development of an efficient QS-SCL-based UHR-OCT/OCTA system remains a
very challenging task.

In this study, we have utilized a commercial QS-SCL as the light source for constructing an
UHR-OCT/OCTA apparatus operating in the 760-nm regime. The resulting spectral-domain
OCT (SD-OCT) system with a specially designed spectrometer exhibits an effective spectral
range of 635− 875 nm. The SNR of this system is optimized by varying the exposure time of
the line-scan camera. To further reduce the intrinsic RIN of the QS-SCL, a special algorithm is
developed for OCT/OCTA imaging. Finally, the OCT/OCTA spectra of the developed UHR-OCT
system are compared with the results obtained using a conventional FD-OCT setup.
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2. Experimental setup

2.1. UHR-OCT system

Figure 1 shows the schematic diagram of the developed SD-UHR-OCT system. The commercial
QS-SCL (SuperK compact, NKT Photonics, Demark) used in this setup provides an output power
of 100 mW, spectral range of 450− 2400 nm, and laser repetition rate of 20 kHz. The laser beam
was collimated by the fiber collimator and sequentially passed through the notch filter (67-123,
Edmund Optics, Singapore) and a dichroic mirror (DMSP1000, Thorlabs, New Jersey, USA) to
cut off the spectral range corresponding to the pumping pulse with a wavelength of 1060 nm
and reserve the spectral range of 600− 900 nm for the interferometer. After passing the dichroic
mirror, the optical power of the beam was 20 mW. Because the utilized spectral range covered
approximately 240 nm with the center wavelength of 760 nm, it was difficult to find suitable fiber
couplers. For this reason, a free-space UHR-OCT system was built in this study. In this system,
the light beam passed through the dichroic mirror was incident on a polarization-independent
beam splitter (BNPB-25.4B-45R-800, LAMBDA, New Jersey, USA) with a splitting ratio of
50:50 that divided it into the reference and sample arms, respectively. The sample arm was
composed of a two-axis galvanometer (GVS002, Thorlabs, New Jersey, USA) and a scanning
lens (LSM02BB, Thorlabs, New Jersey, USA), while the incident power on the sample was set to
4 mW. In the reference arm, a reflective mirror and a dispersion compensator (N-SF8, SCHOTT
North America, New York, USA) were used. Subsequently, the interference beam was coupled
into a single-mode fiber (SMF, P3-630A-FC-1, Thorlabs, New Jersey, USA) by a fiber coupling
stage (KT110, Thorlabs, New Jersey, USA) and then recollimated again by another fiber coupling
stage at the other end of the SMF to adjust the beam size incident on the input of the home-made
spectrometer. The use of SMF can reduce the difficulty in the setup of spectrometer and improve
the variation in the interference intensity due to the beam scanning in the sample arm. To study
the feasibility of using the developed UHR-OCT/OCTA system for in vivo imaging, an existing
swept-source OCT (SS-OCT) was implemented for comparison. The experimental setup of
the 1060-nm SS-OCT system was described in a previous study, and the same scanning lens
(LSM02BB, Thorlabs, New Jersey, USA) was used to focus the light beam on the sample [33].
The detailed specifications of both systems are shown in Table 1.

Table 1. Specifications of UHR-OCT and SS-OCT

UHR-OCT SS-OCT

Center wavelength 760 nm 1060 nm

FWHM 150 nm 90 nm

Measured axial resolution 2 µm 6 µm

Measured lateral resolution 10 µm 10 µm

A-scan rate 10 kHz 100 kHz
3 dB/6 dB sensitivity
roll-off (OPL: optical

path difference) OPL@300 µm/OPL@400 µm OPL@400 µm/OPL@500 µm

Frame rate 20 frames/s (500 A-scans/frame) 100 frames/s (1000 A-scans/frame)

Power on sample 4 mW 3 mW

Time (3D OCT) 25 s (500*500*2048) 10 s (1000*1000*1024)

Time (3D OCTA) 50 s (500*1000*2048) 20 s (1000*2000*1024)

2.2. Spectrometer

To design a spectrometer for the UHR-OCT system, the optical path was simulated using
OpticStudio software (Zemax, Washington, USA), as shown in Fig. 2. The spectrometer consists
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Fig. 1. A schematic of the developed spectral-domain UHR-OCT system with a commercial
QS-SCL. SC: supercontinuum laser; NF: notch filter; DM dichroic mirror; BS: beam splitter;
DC: dispersion compensator; GS: galvanometer; SL: scanning lens; M: mirror; C1, C2:
collimators; G: transmission grating; LP: lens pair; LC: line-scan camera; and DAQ: data
acquisition board.

of a transmission grating (1200 l/mm @ 840 nm, Wasatch Photonics, North Carolina, USA), a
pair of achromatic lenses (AC508-200-B, Thorlabs, New Jersey, USA), and a line-scan camera
(spL4096-140 km, Basler, German). Figure 2(a) depicts the corresponding positions of the
optical components in the spectrometer. The beam emitted from the SMF was collimated by the
fiber coupling stage onto the transmission grating with a period of 1200 lines/mm. After that,
two achromatic lenses were used for the collimation of the dispersed beams into the line-scan
camera. Figures 2(b)−(d) show the simulated spots with different sizes and wavelengths of
600, 750, and 900 nm, respectively, focused on the camera pixel grid. The simulated beam
diameters are different at the wavelengths of 600, 750, and 900 nm, varying from 6 to 11 µm.
This was due to the aberration of the lens pair used in the spectrometer, which can be mitigated
or suppressed in the future by using custom designed optic components. Finally, the line-scan
camera was connected to a frame grabber through the Cameralink interface for data acquisition.
To synchronize the image acquisition by the camera with the galvanometer, a data acquisition
board (DAQ, PCIe-6229, National Instruments, Texas, USA) was utilized for the generation of
analog signals. A pulse waveform was generated by the DAQ board as an external trigger to
control the camera exposure time. Additionally, the two axes of the galvanometer were driven by
a triangular wave and a step function produced by the DAQ board.

2.3. Spectral response

Although the developedUHR-OCT system is based on the free-space interferometer, the dispersion
issue should be carefully addressed due to the unbalanced use of the optical components located
between the reference and sample arms. For example, the scanning lens is part of the sample arm,
but it causes a dispersion mismatch between both arms. In this study, a dispersion compensator
is required for balancing the dispersion induced by the scanning lens. Additionally, the spectral
responses of the optical components should be optimized to maximize the effective spectral
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Fig. 2. (a) A schematic of the home-made spectrometer simulated by Zemax. The
spectrometer consists of a transmission grating, two achromatic lens, and a line-scan camera.
The detectable spectral range spanned from 600 nm to 900 nm. (b)−(d) The blue, green,
and red spots represent the focused spots on the camera pixel grid with different sizes and
wavelengths of 600, 750, and 900 nm, respectively. TG: transmission grating, LP: lens pair,
and LC: line-scan camera.

range. In the setup depicted in Fig. 1, the scanning lens and galvanometer are used in the sample
arm, and the dispersion compensator is inserted in the reference arm. Different dispersion
compensators were utilized for comparison including a coated compensator (LSM02DC, Thorlabs,
New Jersey, USA) and a compensator without coating (N-SF8, SCHOTT North America, USA).
The thicknesses of both compensators were equal to 26 mm. The wavelength range of 500− 900
nm was used for testing the spectral response of the UHR-OCT system after passing through
the optical components of interferometer, and a commercial spectrometer (USB2000, Ocean
Optics, UK) was employed to receive the output signal. Figure 3 displays the spectra individually
recorded for the sample arm (blue line), reference arm (red line), and interference (black line) of
both arms using the coated/uncoated dispersion compensators. It shows that the signal in the
spectral range below 700 nm was significantly attenuated when the coated dispersion compensator
was used, as indicated by the red line in Fig. 3(a). In the same figure, the intensity of the
interference spectrum in the region below 700 nm was smaller than that of the corresponding
spectrum in Fig. 3(b). Hence, the uncoated dispersion compensator was more suitable for the use
in the developed UHR-OCT system due to its higher intensity of the interference signal.

2.4. OCT angiography

In addition to the microstructural imaging with OCT, the developed system was also used for
OCTA based on the estimation of its speckle variance. Repeated scanning was performed along
the same transverse range to obtain two sequential two-dimensional (2D) OCT images, after
which the variance of the backscattered speckle between these images SV(x, y) was estimated
according to the following equation:

SV(x, y) =
{IA(x, y) − 1

2 [IA(x, y) + IB(x, y)]}
2 + {IB(x, y) − 1

2 [IA(x, y) + IB(x, y)]}
2

2
(1)

where IA and IB represent the pixel intensities of the first and second frames, while x and y are
the locations in the transverse and depth directions, respectively [34,35]. A threshold value was
experimentally determined to reject the speckle noise and enhance the contributions from the
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Fig. 3. Spectra recorded for the sample (blue lines) and reference (red lines) arms, and
interference of the signals from both arms (black lines) using the (a) coated and (b) uncoated
dispersion compensators.

vessels. However, the intrinsic noise of the QS-SCL should be removed before the estimation of
the speckle variance.

Fig. 4. (a) A flow chart of the processing algorithm for removing the intrinsic noise from
the QS-SCL signal. 2D OCT images of the mouse ear skin obtained (b) before processing,
(c) after the removal of the noise in the shallow depth range, (d) after the removal of the
stripe-shaped noise, and (e) after the moving average calculation. (f)−(i) 3D OCT images
corresponding to the images depicted in panels (b)−(e). EP: epidermis, DM: dermis, V:
vessel, and AC: auricular cartilage.
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2.5. Noise reduction

To reduce the intrinsic noise of the QS-SCL, an imaging process algorithm was developed.
Figure 4(a) depicts the flow chart of the developed algorithm for the removal of the background
noise. In this case, each B-scan consists of 500 A-scans covering the transverse distance of
1.5mm, and each three-dimensional (3D) volume is composed of 500 B-scans. First, 500 A-scans
were recorded when the sample arm was blocked and averaged to acquire the average background
noise, which was subsequently subtracted from each A-scan. To remove the stripe-shaped noise,
the sample surface was detected in each A-scan, and the noise intensity was averaged between
the zero path and the sample surface. After that, the average noise intensity was again subtracted
from the intensity of each pixel within individual A-scan below the sample surface to remove the
stripe-shaped noise. Figures 4(b)–(e) show the 2D OCT images of the mouse ear skin obtained
before processing (Fig. 4(b)), after the removal of the low-depth noise (Fig. 4(c)), after the
removal of the stripe-shaped noise (Fig. 4(d)), and after the moving average calculation (Fig. 4(e)).
Moreover, Figs. 4(f)–(i) display the 3D OCT images corresponding to the images depicted in
Figs. 4(b)–(e). Although the noise in the shallow depth range could be easily removed, the
stripe-shaped noise remained in the OCT images as indicated by the white arrows in Fig. 4(c).
The latter also influenced the estimated speckle variance for OCTA. As shown in Fig. 4(d), the
stripe-shaped noise can be effectively removed using the above-mentioned process. Finally, the
moving average calculation was performed (Fig. 4(e)), in which the epidermis, dermis, vessels,
and auricular cartilage could be clearly identified.

3. Evaluation of system performance

Although the spectral range spanning from 600 to 900 nm was used for the simulation of the
optical path in the spectrometer, the spectral range at the CCD end only covered the region
from 635 to 875 nm. This reduction in the spectral range likely resulted from the cut-off
wavelength of the SMF and imperfect alignment of the optical components. Subsequently, the
spectrometer was utilized for recording interference spectra (the corresponding experimental
setup is shown in Fig. 1). Figure 5(a) shows the interference spectrum obtained by the line-scan
camera that includes both the non-interference and interference terms, while Fig. 5(b) displays
the interference spectrum obtained after the removal of the non-interference component. To
perform the wavelength calibration prior to the Fourier transform, the interference spectrum was
resampled using the method proposed in the previous study [36]. After wavelength calibration,
the processed spectrum was filtered by a software-based Gaussian window and then, fast Fourier
transform was performed to acquire the point spread function (PSF) as plotted in Fig. 5(c).
Here, the axial resolution can be acquired by estimating the full-width at half-maximum of
PSF as indicated by the black arrows [37]. Thus, the measured axial resolution approximately
equals 2 µm in air. Additionally, the SNR curves of the A-scans performed at various depths
were recorded (see Fig. 5(d)). Each curve was averaged over 10 sequential A-scans conducted
at the same depth. The data presented in Fig. 5(d) reveal that the noise floor was relatively
high due to the RIN generated by the light source. Additionally, it can be found that the SNR
decreased ∼20 dB at the depth of 1mm. In our spectrometer, the spectral range covers from 635
to 875 nm, corresponding to a spectral resolution of 0.059 nm. The theoretical sensitivity roll-off
is 18 dB when the optical path difference reaches 1mm [38]. The difference in the theoretical
and measured results may be resulted from imperfect resampling for wavelength calibration. The
results of a previous study indicated that RIN of QS-SCL increased with the wavelength, but the
RIN of the ML-SCL was wavelength-independent [39–41]. To further decrease the intrinsic RIN
produced by the QS-SCL, the exposure time of the line-scan camera was optimized, and a new
image-processing algorithm was developed.

Because the repetition rate of the utilized QS-SCL was 20 kHz, exposure times of 25, 50, and
100 µs were used for the optimization of the system SNR. Figures 6(a)−(c) show the 2D OCT
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Fig. 5. Interference spectra obtained by the line-scan camera (a) before and (b) after the
removal of the non-interference component. (c) PSF used for the evaluation of the axial
resolution. (d) SNRs of the A-scans recorded at various depths.

images of the human skin obtained for the same volunteer at different exposure times. Here,
each 2D OCT image was composed of 1000 A-scans. In Fig. 6(a), the dark stripes that degrade
the imaging quality and increase the noise level are observed. Because the number of pulses
generated by the QS-SCL during one B-scan was smaller than the total number of A-scans in
each B-scan, some A-scans might be produced without pulses causing the appearance of black
stripes in the corresponding OCT images. When the exposure time was increased to 50 µs, which
was equal to the pulse duration, the number of dark stripes was significantly reduced as shown
in Fig. 6(b). In the latter case, the epidermis and dermis layers could be identified. Moreover,
after further increasing the exposure time to 100 µs, the skin structure became much clearer
due to the increase in SNR. To determine the relationship between the sensitivity and exposure
time, sensitivity roll-off curves were plotted at different depths and exposure times in Fig. 6(d).
The obtained results revealed that the sensitivity at a depth of 100 µm and exposure time of
100 µs exceeded 90 dB; however, its value was reduced by around 20 dB at a depth of 1mm.
Furthermore, the sensitivity measured at an exposure time of 25 µs was very small, making the
in vivo imaging of biological tissues very difficult. Apart from the sensitivity measurements,
the noise floor was also examined as a function of depth by averaging 1000 sequential A-scans,
during which the sample arm was blocked. The obtained results illustrate that the noise floor
decreased with increasing exposure time. Although the longer exposure times can effectively
improve the SNR, they also decrease the imaging speed, owing to the existence of motion artifacts.
Furthermore, a longer exposure time may lead to the loss of dynamic information related to the
biological tissue (such as blood flow). Thus, the exposure time in the developed system was set
to 100 µs for in vivo imaging, which corresponded to an A-scan rate of 10 kHz. The resulting
frame rate was 20 frames per second, and it took 25 s to acquire volumetric data.
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Fig. 6. 2D OCT images of the human skin obtained at exposure times of (a) 25, (b) 50, and
(c) 100 µs. EP and DM denote the epidermis and dermis layers, respectively. (d) Sensitivity
roll-off curves plotted over a depth range of 1 mm at different exposure times. (e) Noise
floors measured on the dB scale at exposure times of 25, 50, and 100 µs. EP: epidermis and
DM: dermis.

4. Results

As shown in Figs. 6(d) and (e), the noise degraded the SNR, and a stronger noise was generated
in the shallower depth range. Moreover, the high noise level increased the speckle variance
between B-scans, making OCTA imaging difficult. The main noise can be divided into two types
including the low-depth and stripe-shaped ones. In order to increase the detection sensitivity
of UHR-OCT imaging, the return power in the reference arm was increased. However, such
stripe-shaped noise may occur when stronger backscattered intensity caused by the sample
resulted in the saturation of camera. Therefore, a processing algorithm for noise reduction was
proposed as shown in Fig. 4(a). To investigate the feasibility of using the developed UHR-OCT
for angiography at an imaging quality comparable with that of the conventional FD-OCT system,
the former technique was implemented, and its results were compared with those of the existing
SS-OCT system at a center wavelength of 1060 nm. The lateral resolutions of UHR-OCT and
UHR-OCTA are approximately 10 µm, respectively. The axial resolutions of UHR-OCT and
SS-OCT are 2 and 6 µm, and the incident powers on the sample of UHR-OCT and SS-OCT are
4 and 3mW, respectively. For OCTA, the speckle variance between the two sequential OCT
images was determined according to Eq. (1). The volumetric data of OCT/OCTA contained 500
B-scans, and each location was scanned twice to estimate the speckle variance (the same area of
the mouse ear skin was individually scanned with both systems). For the animal experiments,
mice (C57 wild-type, 7–8 weeks old, male) were anesthetized with a mixed aesthetic which was
composed of oxygen and phenobarbital. The mouse was held on a customized mount, and the
mouse ear was well fixed. The animal experiment conducted in this study was according to the
approved protocol by the Laboratory Animal Center, Chang Gung University. First, the mouse
ear was scanned by UHR-OCT, and it took 50 seconds for acquiring 3D OCT/OCTA imaging.
Then, the mouse was quickly moved to the sample arm of SS-OCT, and the same skin area was
scanned with SS-OCT to obtain 3D OCT/OCTA results. For SS-OCTA imaging, it took 20
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seconds. After UHR-OCT imaging, no significant damage can be observed by the naked eye and
from the OCT results.
Figures 7(a) and (b) show the representative 2D OCT images obtained by UHR-OCT and

SS-OCT, which were selected from the corresponding 3D images at a close location. The
magnified areas denoted by the yellow squares in Figs. 7(a) and (b) are depicted in Figs. 7(c) and
(d), respectively. The white arrows indicate the vessel structures, and the magnified UHR-OCT
image (Fig. 7(c)) displays a clear vessel boundary, which was blurred in Fig. 7(d). Additionally,
Figs. 7(e) and (f) show the corresponding projection-view OCTA images obtained by the
UHR-OCT and conventional SS-OCT systems, respectively. As compared with SS-OCT, the
UHR-OCT image exhibits a significantly higher visible vessel density, which allows visualization
of small vessels. Again, the areas indicated by the white and yellow squares are magnified in
Figs. 7(g) and (h) for Fig. 7(e) and Figs. 7(i) and (j) for Fig. 7(f). These results illustrate that
UHR-OCT can be used to visualize smaller vessels due to its higher resolution.

Fig. 7. 2D OCT images of the mouse ear skin obtained at a close location using the (a)
UHR-OCT and (b) conventional SS-OCT systems. (c) and (d) Magnified OCT images of
the areas indicated by the yellow squares in panels (a) and (b), respectively. Corresponding
en-face projected OCTA images obtained by the (e) UHR-OCT and (f) conventional SS-OCT
systems [33]. Magnified images of the areas indicated by the (g) white and (h) yellow squares
in panel (e). Magnified images of the areas indicated by the (i) white and (j) yellow squares
in panel (f). The scale bars represent a transverse distance of 250 µm.
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5. Discussion

Limited to the intrinsic noise of the QS-SCL, it is difficult to use QS-SCL for UHR-OCT/OCTA
applications in the past. To understand the noise effect on the laser spectrum, the spectrum
acquired by the UHR-OCT system with a blocked sample arm at an exposure time of 100 µs is
shown in Fig. 8(a). Its shape is not very smooth, and a strong intensity variation is observed due
to the high RIN level. To further compare the RINs of ML-SCLs and QS-SCLs, a commercial
ML-SCL (SuperK extreme EXW-12, NKT photonics) was used. The repetition rates of ML-SCL
and QS-SCL are 78MHz and 20 kHz, respectively. Because the light beam emitted from QS-SCL
is well aligned with the free-space interferometer, the light sources cannot be easily exchanged
without affecting the optics alignment. Therefore, the output spectra of both lasers are difficult to
record by the developed OCT spectrometer. Instead, a commercial spectrometer (USB2000+,
Ocean Optics) was utilized to cover the spectral range from 600 to 900 nm at an integration time
of 1ms. To estimate the RIN value, 100 time-series spectra were recorded for each laser. Its
magnitude is defined as

RIN =
σM(λ)
M(λ)

(2)

where λ is the wavelength. σM(λ) represents the standard deviation of the time-series powers at
a given wavelength, and M(λ) is the mean of the time-series powers at a given wavelength [32].
Notably, the integration time was set to 1ms, and each recorded spectrum consisted of 78000
laser pulses emitted from ML-SCL. In contrast, only 20 laser pulses emitted from QS-SCL were
detected for each spectrum. Figure 8(b) plots the estimated RIN distributions of the ML-SCL
and the QS-SCL as functions of wavelength, which show that the RINs of QS-SCL are higher
than those of ML-SCL. Moreover, while the integration time of the commercial spectrometer
was 1ms, the exposure time of our QS-SCL-based OCT system was set to 100 µs, suggesting
that the RIN of the developed UHR-OCT setup should be much higher than the values depicted
in Fig. 8(b).

Fig. 8. (a) Output spectrum of the QS-SCL captured by the developed OCT spectrometer at
an exposure time of 100 µs. (b) Measured RINs of the QS-SCL used in the present study
and the commercial ML-SCL (SuperK extreme EXW-12) as functions of wavelength. The
integration time was set to 1ms.

The measured sensitivities of the UHR-OCT and SS-OCT systems in this study were 91 dB
and 106 dB, respectively. Additionally, the RINs of the QS-SCL laser and swept source used in
this study were compared. To determine the RIN distribution of the proposed UHR-OCT system,
the developed OCT spectrometer was used, and the exposure time varied between 50 and 100
µs. One thousand spectra were recorded sequentially to estimate the RIN distribution for each
exposure time. Figure 9(a) depicts the RIN distributions as functions of wavelength. It shows
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that the smaller exposure times lead to higher RIN values. Moreover, the RIN of the 1060-nm
SS-OCT system was estimated as well. For that purpose, a commercial NIR spectrometer
(SW2540-050-NIRA, OtO Photonics, Taiwan) was used to directly obtain the spectra of the
swept source, and 1000 sequential spectra were recorded at an integration time of 1ms. Another
1000 sequential spectra were acquired by the balanced detector of the SS-OCT system when the
sample arm was blocked. Because the A-scan rate of SS-OCT is 100 kHz, it takes approximately
10 µs to acquire a full spectrum of the swept source. The RIN distributions estimated from the
spectra obtained by the NIR spectrometer and balanced detector are shown in Fig. 9(b). Notably,
the blue curve in Fig. 9(b) exhibits smaller RIN values because 100 full output spectra were
received during one integration period. In the blue curve, the RIN magnitudes measured from
980 to 1025 nm are relatively large, which likely resulted from the lower responsivity of the NIR
spectrometer. Hence, after comparing the green curve in Fig. 9(b) with the red curve in Fig. 9(a),
it can be concluded that the RIN distribution of the swept source is located below that of QS-SCL.

Fig. 9. (a) RIN distributions of the used QS-SCL captured by the developed OCT
spectrometer when the exposure time was set to 50 and 100 µs, respectively. (b) RIN
distributions of the 1060-nm swept source measured from the commercial NIR spectrometer
and the balanced detector of the SS-OCT system, respectively.

Additionally, the effect of RIN on OCTA was investigated by conducting phantom experiments.
A capillary PE tube with an inner diameter of 300 µm was connected to a syringe pump to
provide a stable flow. After that, the PE tube was fixed on the sample stage and filled with
soymilk. While the soymilk was pumped by the syringe pump, the same cross-sectional area of
the PE tube was repeatedly scanned with UHR-OCT (an identical experiment was conducted for
SS-OCT). Figure 10 shows the data obtained using the PE tube and the UHR-OCT and SS-OCT
systems. Figures 10(a) and (b) present the UHR-OCT results obtained for the PE tube with a
soymilk flow before and after performing the processing procedure outlined in Fig. 4(a), while
Figs. 10(c) and (d) depict the corresponding SV images of Figs. 10(a) and (b). For comparison,
the SS-OCT image of the PE tube with a soymilk flow and the corresponding SV image are
shown in Figs. 10(e) and (f), respectively. Here, the yellow and white arrows indicate the PE tube
and flowing soymilk, respectively. To quantitatively analyze the RIN effect on OCTA, a Weber
contrast factor, C, was introduced. It was defined as C=(I-IR)/IR, where I and IR represented
the total intensities in the region of interest and reference region depicted by the yellow and red
squares in Fig. 10, respectively. Table 2 lists the Weber contrast factors estimated for Fig. 10.
Before conducting the processing procedure to remove the noise, the SV UHR-OCT data showed
very little contrast; however, the contrast factor increased to 31.131 after noise elimination. As a
result, the contrast factor of the processed UHR-OCT image became comparable with that of the
SS-OCTA image.
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Fig. 10. OCT and OCTA images of the PE tube containing flowing soymilk obtained by the
UHR-OCT and SS-OCT systems. (a), (b) UHR-OCT results obtained for the PE tube with a
soymilk flow before and after performing the processing procedure. (c), (d) Corresponding
SV images of (a) and (b). (e), (f) SS-OCT image of the PE tube with a soymilk flow and the
corresponding SV image. The scalar bar denotes the length of 100 µm.

Table 2. Weber contrast factors estimated for Fig. 10

Original UHR image Processed UHR image- SS image

OCT 1.019 2.368 2.723

OCTA 0.285 31.131 32.952

In SD-OCT systems, the system sensitivity depends on the repetition rate of the light source,
exposure time of the line-scan camera, and incident power on the sample. However, all these
parameters are interrelated. When the exposure time was less than 50 µs, it caused the formation
of dark stripes in the OCT images shown in Fig. 6(a) because no laser pulses were detected by the
line-scan camera during one exposure period. Additionally, it caused the larger intensity variation
between A-scans when the exposure time was less than 100 µs as shown in Fig. 6(b). Therefore,
the exposure time was set to 100 µs in our experiments, which corresponded to the duration of
the two pulses received by the lines-can camera in one exposure period. Although the maximum
repetition rate of the used QS-SCL system was 28 kHz, the laser was most stable during the
operation at a repetition rate of 20 kHz. Because the exposure time and repetition rate were set to
100 µs and 20 kHz, respectively, only the incident power on the sample and the reflected power
from the reference arm were slightly adjusted to optimize the sensitivity for the reasons mentioned
above. However, excessive incident power on the sample or excessive return power of the beam
reflected from the reference arm caused intensity saturation of the camera at an exposure time of
100 µs, which further degraded the imaging quality. In this study, 3D OCT imaging conducted
at this A-scan rate (10 kHz) may result in the formation of motion artifacts. Moreover, OCTA
is based on the estimation of the speckle variance between the two B-scans obtained for the
same location, making OCTA imaging a challenging procedure. Although the number of motion
artifacts can be decreased by reducing the A-scan number for each B-scan, the imaging quality is
accordingly degraded. To effectively eliminate motion artifacts, different methods were used in
previous studies, which could be also applicable to the developed UHR-OCT system [42,43].

Compared to conventional OCT systems, UHR-OCT is able to detect more specific and detailed
features of biological tissue. However, the light sources commonly used for UHR-OCT such as
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femtosecond lasers and ML-SCLs are difficult to be widely implemented for clinical applications
because of the bulky size and the high cost. In contrast, commercially available QS-SCLs have
the advantages of the smaller size and the much lower cost, making clinical applications in
ophthalmology and dermatology feasible.

6. Summary

In this study, an UHR-OCT system based on the QS-SCL was developed for in vivo OCT/OCTA
imaging. The spectral range from 635 to 875 nm was implemented for OCT, and a home-made
spectrometer was designed to record a broadband interference spectrum. In addition, the spectral
responses of the optical components were examined to maximize the effective spectral range and
optimize the interference spectrum. The optimal exposure time of the line-scan camera equal to
100 µs was determined to find a compromise between the system SNR and the scanning rate. To
further improve the intrinsic noise level of the QS-SCL for OCTA, a processing algorithm was
developed to reduce both the background noise in the shallow depth range and stripe-shaped
noise resulting from the intensity saturation of the line-scan camera. After system optimization,
the axial resolution was approximately 2 µm, and the A-scan rate was as high as 10 kHz, which
was acceptable for in vivo imaging. Finally, the developed system was implemented for both the
OCT and OCTA in vivo imaging techniques. The obtained results confirmed that QS-SCLs could
be successfully utilized for UHR-OCT/OCTA leading to significant reductions in the UHR-OCT
cost and system size.
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